Ultrasound provides a valuable tool for medical diagnosis offering real-time imaging with excellent spatial resolution and low cost. The advent of microbubble contrast agents has provided the additional ability to obtain essential quantitative information relating to tissue vascularity, tissue perfusion and even endothelial wall function. This technique has shown great promise for diagnosis and monitoring in a wide range of clinical conditions such as cardiovascular diseases and cancer, with considerable potential benefits in terms of patient care. A key challenge of this technique, however, is the existence of significant variations in the imaging results, and the lack of understanding regarding their origin. The aim of this paper is to review the potential sources of variability in the quantification of tissue perfusion based on microbubble contrast-enhanced ultrasound images. These are divided into the following three categories: (i) factors relating to the scanner setting, which include transmission power, transmission focal depth, dynamic range, signal gain and transmission frequency, (ii) factors relating to the patient, which include body physical differences, physiological interaction of body with bubbles, propagation and attenuation through tissue, and tissue motion, and (iii) factors relating to the microbubbles, which include the type of bubbles and their stability, preparation and injection and dosage. It has been shown that the factors in all the three categories can significantly affect the imaging results and contribute to the variations observed. How these factors influence quantitative imaging is explained and possible methods for reducing such variations are discussed.
INTRODUCTION
The ability to image and quantify tissue perfusion is highly desirable in the clinical assessment of a wide range of conditions involving changes to local blood flow such as cancer and cardiovascular diseases. The development of contrast-enhanced ultrasound (CEUS) imaging with microbubble contrast agents has provided a unique means of visualizing and quantifying tissue perfusion, offering significant advantages in terms of real-time imaging, convenience, cost and patient safety [1 -4] . A rich body of literature has demonstrated the potential usefulness of this quantitative imaging technique. An example of a CEUS image featuring a hepatocellular carcinoma is shown in figure 1 . There remain, however, considerable challenges that need to be addressed before wider clinical uptake of quantitative CEUS imaging can be achieved. These are largely related to the high degree of variability that is sometimes observed in quantitative results and the resulting diagnostic uncertainty. The aim of this paper is to review current understanding of the sources of this variability and potential ways to reduce it. This *Author for correspondence (mengxing.tang@imperial.ac.uk).
One contribution of 15 to a Theme Issue 'Recent advances in biomedical ultrasonic imaging techniques'. section will introduce the basic principles of CEUS and identify the key challenges currently being faced.
Microbubble agents
The development of contrast agents for ultrasound imaging came about as the result of an accidental discovery in the late 1960s that the presence of gas bubbles in the circulation could significantly enhance ultrasound signal intensity [5, 6] . Since then, a number of different types of agents have evolved (table 1) , all of which generate a suspension of bubbles upon being administered, normally by intravenous injection. The bubbles must be sufficiently small to cross the capillary bed of the pulmonary circulation, and are therefore typically a few micrometres in diameter. In consequence, they are normally referred to as microbubbles. At the same time, these bubbles are big enough that they do not cross the vascular endothelium, making them true intravascular agents. In order to prevent the bubbles from rapidly dissolving and/or agglomerating, they are stabilized by a coating of a biocompatible surfactant or polymer, most commonly phospholipids or proteins. This coating both lowers the interfacial tension at the bubble surface and also provides a barrier to gas diffusion. The nature of the coating also has a significant effect upon the acoustic response of the bubbles, and their physiological interactions in vivo, which will be discussed in more detail in § §3 and 4. Despite being similar in size to red blood cells, bubbles are much more efficient scatterers of ultrasound owing to the fact that they are filled with gas and thus highly compressible. Upon ultrasound excitation, they undergo volumetric oscillations and so absorb and reradiate the incident sound rather than merely acting as passive reflectors. There is also a fortunate coincidence in the range of frequencies used for diagnostic ultrasound imaging and that over which bubbles exhibit resonant oscillations. Following injection, the bubbles circulate throughout the vascular space and greatly increase the amplitude of the scattered signals not only from large vessels and cavities but also from the microvasculature, making imaging of tissue perfusion possible.
Contrast-specific images and time-intensity curves
A key feature of bubble behaviour is that at moderate ultrasound pressure a bubble will oscillate nonlinearly and the backscattered signal consequently contains a range of frequencies in addition to that of the incident ultrasound field. These additional frequency components are usually whole or fractional multiples (harmonics) of the incident frequency. Numerous signal-processing techniques have been developed to exploit this nonlinear behaviour and separate echoes generated by bubbles from those originating from tissue [1] . This kind of technique typically transmits multiple pulses of varying phase or amplitude and can simultaneously produce two images: (i) a conventional B-mode image of the tissue (but slightly downgraded owing to low acoustic power used), and (ii) a contrastspecific image that reflects the spatial distribution of bubbles. The contrast-specific images are formed by separating the nonlinear signals at various harmonic frequencies from the linear signals at the fundamental frequency. Important examples are pulse inversion (PI), amplitude modulation and the combination of the two [7] . The generation of contrast-specific images forms the basis for quantification of tissue perfusion and for the remainder of this paper, only such contrast-specific images are considered unless otherwise stated. Since images of bubbles can be formed in real time, a series of contrast-specific images can be obtained and the tissue uptake of the bubbles can thus be observed as a function of time. Quantification is based either on the image intensity or the timing of the tissue uptake of the bubbles. A curve of image intensity versus time (the so-called time -intensity curve (TIC)) can be produced for any pixel or region within the image plane. Two types of TICs can be obtained depending on whether the bubbles are administered as a bolus injection or via a constant infusion. A bolus is relatively simple to administer and more common in clinical practice, while constant infusion is always combined with a 'destruction -replenishment' mode in which higher power ultrasound pulses are used to destroy the bubbles in the imaging plane followed by low-power ultrasound pulses to monitor replenishment in the tissue [8, 9] . This technique is unique to ultrasound as no other imaging modalities can deactivate their contrast-enhancing agents to create a new input pulse. Given the noisy nature of the data, models are commonly used to fit the data to remove the noise and extract relevant indices [8, [10] [11] [12] . Examples of the two types of TIC are shown in figure 2 .
From TICs, a number of temporal and amplitude features can be obtained, from which clinically relevant indices such as the fractional vascular volume, flow velocity, relative perfusion rate and transit time etc. can be derived. One can process the images pixel by pixel in this way and generate a map for each of the indices [13, 14] . It should be noted that amplitude-derived features are more likely to be affected by system changes than temporally derived features. A number of clinical conditions have been studied, including the diagnosis of liver lesions (see recent reviews by Cosgrove [2] and Wilson [3] ) and assessment of myocardial function (see a recent review by Porter [15] ). Notably, recent studies have shown great promise in the use of quantitative contrast ultrasound to evaluate tumour therapy [16, 17] and assess atherosclerotic lesion neovascularization. [18] .
It should be noted that there is another technique that images the transient disruption of microbubbles using the so-called flash imaging [19] or stimulated acoustic emission [20] . Although the disruption of bubbles can greatly enhance the signal amplitude, it is at the cost of transmitting significantly higher amplitude ultrasound, and the tissue background signals also increase significantly. Furthermore, this technique cannot acquire consecutive frames in real time as bubbles must replenish the field of view before the next acquisition. Although this review focuses on the low-power continuous imaging, most of the factors discussed here are still relevant to the high-power transient imaging technique.
Linear versus logarithmic data
One key underlying assumption for quantification based on TICs is that image intensity is linearly proportional to the concentration of bubbles and thus blood flow. Early studies of quantification relied on video intensity data, to which logarithmic compression had been applied. It has been gradually recognized that linear echo data (sometimes called 'raw data') acquired before compression should be used instead [21, 22] . Many ultrasound scanners have their own inbuilt quantification software package, which uses linear echo data to calculate the TIC rather than video intensity. Although linear echo data can also be obtained by reversing the log compression of the video intensity data (this is used by the commercial system SonoLiver Bracco/Tomtek), a direct acquisition before log compression is preferred since the compression process may cause information loss that cannot be fully recovered by reversing the compression (see §2.3 for further details).
Challenges
Currently, quantification of tissue perfusion poses considerable challenges. The existence of significant variations in quantitative CEUS results was reported as long ago as 2001 [23, 24] , but the question has still yet to be fully addressed, and this has prevented this approach from being widely accepted as a clinically useful tool. The variations referred to are caused by factors other than regional blood flow or bubble concentration. For example, different TICs may be obtained from the same region of interest (ROI) in the same subject when scanned at different times if the scanner settings, the position of the probe, the way bubbles are handled or the subject's physiological conditions are different. Even during the same scan, tissues of the same type (and hence similar perfusion profile) may generate different TICs if signals obtained at different depths are not corrected for attenuation and nonlinear propagation. Despite the fact that various normalization and standardization procedures have been used to reduce such variations, they have enjoyed only limited success and require highly experienced operators. We believe that a better understanding of the different sources of variations will facilitate the development of accurate calibration techniques that will lead in turn to improved quantification.
A number of factors may contribute to variability in quantitative CEUS: (i) scanner settings, (ii) patient factors ( physiological factors and propagation/attenuation), and (iii) bubble types and handling. This paper will review the current understanding of how each factor influences quantitative imaging and its contribution to measurement variation and discuss potential methods for reduction of the variations.
SCANNER SETTINGS

Output power (mechanical index)
Changes to the transmit amplitude of the ultrasound scanner are indicated by the mechanical index (MI) displayed on the screen. MI is a measure of the potential for mechanical bioeffects (cavitation) in tissue owing to ultrasound exposure and is defined as the peak negative ultrasound pressure in kPa divided by the square root of the ultrasound frequency in MHz. The FDA stipulates a maximum MI of 1.9 in clinical examination, but typically a much lower MI (0.05 -0.4) is used for CEUS to minimize bubble disruption. Changes in the amplitude of the transmitted pulse pressure result in changes in the received echo signals and thus alter the amplitude-dependent indices of a derived TIC. A critical question is how much change in the TIC is likely if, for example, the same tissue is scanned with different MIs. If linear proportionality between changes in the MI and changes in TIC amplitude values can be assumed, then simply normalizing the TIC with the applied MI will remove the variations. However, it is well known that bubble behaviour, including both scattering and attenuation, is nonlinear with respect to the ultrasound pressure and hence the MI [25] [26] [27] . In order to study the changes in the TICs caused by changes in the MI, a detailed examination of the relationship between bubble behaviour and the driving ultrasound pressure is required. In this section, the nonlinear scattering behaviour of bubbles is examined, while nonlinear attenuation will be discussed in § §3.4 and 3.5. It should be noted that given a certain MI value, the acoustic pressure still varies within the imaging plane owing to tissue attenuation and ultrasound wave diffraction. Hence, the true MI value is spatially variant and the machine-indicated MI only provides a rough estimation at the ultrasound focus.
Morgan et al. [28] demonstrated that echo signal power at the second harmonic increases nonlinearly (i.e. non-proportionally) with transmitted ultrasound amplitude for three different contrast agents (Albunex, MP1950 and Optison). They also found significant differences in the acoustic response of the three types of bubbles; nonlinear scattering increased more sharply with Albunex than with Optison at higher pressures (greater than 200 kPa). Shi et al. [29, 30] investigated subharmonic emissions and showed that for the agents Optison and Levovist, subharmonic generation is highly nonlinear with respect to the incident pressure. They identified three phases as the incident pressure was increased, with the amplitude of the subharmonic component undergoing rapid growth in the intermediate acoustic pressure range (300 600 kPa, 1 atm ¼ 101 kPa), with much slower increases at both lower and higher acoustic pressures. Emmer et al. [31] reported a 'threshold' for the behaviour of lipid-shelled bubbles whereby they only start to oscillate above a certain acoustic pressure.
We have measured the PI signals from SonoVue when excited by broadband ultrasound at different acoustic amplitudes. Figure 3 shows the PI signal power normalized by the MI as a function of the MI in both simulation and experiments. It should be noted that the MI is quoted as it is the indication of ultrasound amplitude on a scanner, although it is not an ideal parameter for measuring the acoustic output given the frequencydependent behaviour of bubbles. It can be seen that the relationship is nonlinear, as linear behaviour would manifest itself as a horizontal line. Based on experimental results, an increase of approximately 50 per cent in the normalized echo signal power would be expected if the MI changes from 0.05 to 0.1. Therefore, in order to properly quantify and compare TICs obtained under different MIs, the measurements need to be calibrated with the curve shown in figure 3b experimentally obtained using a similar bubble population. However, the exact properties of the bubble population in vivo, including the size and coating properties, are difficult to measure and vary with time owing to factors discussed in § §3 and 4.
Focal depth
Changes to the focal depth of the scanner alter the spatial profile of the ultrasound beam. Consequently,
the ultrasound pressure amplitude becomes higher in some regions and lower in others. Although scanner manufacturers may adjust the driving voltage applied to the transducer when the focal depth is changed to ensure a constant MI at the focus as far as possible, an ROI may be exposed to different parts of the ultrasound beam and therefore bubbles in the ROI may be sonicated differently depending on the relative position of the ROI and the focal zone depth. Such changes in the spatial distribution of ultrasound amplitude as a result of focus change will probably affect TICs formed from dynamic CEUS image loops. Since bubble signals depend nonlinearly on ultrasound amplitude and the exact spatial distribution of tissue attenuation will be unknown, the effects of focus changes on images are complex.
A study by Koster et al. [23] reported significant influences of focal depth in harmonic power Doppler images. Changes of more than 100 per cent in the estimated flow index, b, were observed when the focal depth was changed from 7 to 17 cm. In a more recent series of indicator-dilution experiments developed with an in vitro flow phantom setup [33] , the coefficient of variation for amplitude-related parameters ( peak intensity and area under the curve (AUC)) was 33 and 36 per cent. By contrast, it was less than 6.3 per cent for timerelated features (rise time and mean transit time). It was further observed in Gauthier's study that if the ROI is placed far from the focal depth, a change in the ROI position would have little impact on the measured features, especially those related to amplitude. These results may further justify the methodology used clinically in Averkiou et al. [34] whereby the focus was placed well below the target lesion to ensure a more uniform acoustic field.
To remove the effect of focal depth completely, the TICs need to be calibrated with two pieces of information: (i) the spatial pressure profiles of the ultrasound beam, and (ii) the bubbles' response to ultrasound amplitude (figure 3). To obtain the former, the spatial profile of tissue attenuation is required, which can only be estimated. The requirements for the latter are discussed subsequently. Further studies are needed to establish the feasibility of such methods.
Dynamic range and gain
Linearized log-compressed data are widely used to derive TICs for quantification as most clinical users do not have direct access to linear data [35 -37] . Consequently, the quantification can be significantly affected by the dynamic range and gain settings. Linear data result from quadrature bandpass filtering of the digital radiofrequency data, which are then log-compressed according to propritetary formulae to reduce their dynamic range. Log-compressed data are finally converted to arbitrary unit data by application of a useradjustable dynamic range (a.k.a. compression). In order to correctly reverse the logarithmic compression process, one may use either manufacturer-supplied software (e.g. Philips's QLAB, Toshiba's CHI-Q), or experimentally derive the linearization scheme with measurements from tissue phantoms. During this process, however, pixel intensities outside a limited dynamic range will not be correctly linearized. With non-destructive low-MI contrast imaging, the amplitude of the backscattered [25] . Broadband pulses with a central frequency of 3.5 MHz were used. The experimental results show a quadrature relationship between PI signal and MI, while the simulation suggested higher orders. This is probably due to the bandwidth limit of the experiments where only second harmonics were retained in the PI signal, while in simulation higher order harmonics were also included. The large error bars in the experiments are probably due to the large variations of bubble population within the small focal volume of two transducers during each repeat and bubble destruction at higher MIs.
signals from bubbles is low; clinical ultrasound scanners therefore usually operate with a small dynamic range (typically between 10 and 30 dB as default) for better image presentation. This may lead to signal saturation and hence prevent proper linearization of the log-compressed data. In a recent experimental and clinical study [36] , the errors in the peak intensity and AUC derived from linearized log-compressed data, with linear data as references, were found to be 45 + 18% and 39 + 16%, respectively, under a typical clinical dynamic range setting of 30 dB and a gain of 55 dB. By contrast, the error was found to be less than 5.4 per cent for all studied features (which included peak intensity and AUC, but also rise time and mean transit time), when a high dynamic range setting (at least 50 dB on the Philips scanner iU22) was used and the gain was carefully adjusted to ensure a high signal-to-noise ratio and to avoid signal saturation. Time-related parameters on the other hand were found to be much less affected.
Frequency
In order to achieve clinically useful spatial resolution, the transmitted pulses from the scanner must be broadband, and hence contain a range of frequencies. The central frequency of the pulses can be adjusted by the operator. It has been well demonstrated that bubble behaviour is highly dependent on the ultrasound frequency [1, 38] . The unique resonance behaviour of the bubbles means that there is usually a peak in the scattering spectrum, although the amplitude and the frequency of this peak depend on the size and other properties of the contrast agents and their environment. Most previous studies that demonstrated such a peak only considered the overall scattered signal or scattering at the fundamental frequency [25, [39] [40] [41] . For contrastspecific images, bubble scattering at higher harmonic or subharmonic frequencies is more relevant. Frinking & de Jong [42] have shown an approximate 4 dB (60%) change in second harmonic scattering for a simulation of Quantison when the driving frequency changes from 2 to 5 MHz. Sboros [43] showed a much higher change in second harmonic scattering for individual BiSphere bubbles when the driving frequency changes from 2 to 2.25 MHz. As a result, the absolute scale of a TIC may change significantly as frequency changes with a much lower image intensity expected at frequencies away from bubble resonance. Our experimental results (figure 4) show that at an MI 0.07, a change of approximately 30 per cent in bubble second harmonic scattering signals can be expected when the transmit central frequency changes from 2.25 to 3 MHz. Furthermore, the frequency dependence for total scattering and harmonic scattering from the bubbles is very different.
The dependence of bubble signals on frequency means that in order to compare two TICs acquired at different ultrasound frequencies, the TICs need to be calibrated by the frequency response of the bubbles. It should be noted that attenuation of ultrasound is also frequency dependent and this will be further discussed in §3.4.
THE PATIENT
Blood pressure
The ambient pressure for bubbles is determined by the local blood pressure, which affects the signals from bubbles both by altering their equilibrium radius and also their stability. Blood pressure varies across a large range depending on the location (arterial, capillary or venous), the phase of a heart cycle and the condition of the patient. For example, typical systolic arterial blood pressure can vary between beats from 90 to 140 mm Hg (12.0 -18.7 kPa) and between 60 and 90 mm Hg (8.0 -12.0 kPa) in diastole across the population [44] . This cyclic variation modulates the bubble behaviour at the heart rate. The pressure could decrease to 10-30 mm Hg (1.3 -4.0 kPa) in the capillaries and to less than 1 mm Hg (0.13 kPa) in larger veins.
3.1.1. Effects on scattering/dynamics. The ambient pressure has a direct effect on the mean size and the resonant frequency of the bubbles, and hence the strength of the signals scattered from these bubbles. The past relevant literature has mainly focused on using this effect for non-invasive blood pressure measurements. An early study on this by Fairbank & Scully [45] reported that changes in the ambient pressure of the order of 0.2 atm (20 kPa) gave an observable shift in the resonant behaviour of gas bubbles of radii between 30 and 40 mm. Using a rabbit heart model, Moravi et al. [46] observed an approximately 20 per cent decrease in video intensity for albumin-coated bubbles during systole compared with diastole owing to the pressure difference. Shi [29] has compared scattered signals from Levovist, a galactose-based bubble, at different harmonic frequencies as a function of ambient pressure. The study reported a change of 10 dB for scattered subharmonic signals over the pressure range of 0-186 mm Hg (0 -25 kPa), while at fundamental or second harmonic frequencies, the change was less than 3 dB. Similar results were also reported for Optison, Definity, Sonazoid and Levovist in Leodore et al. [47] and for SonoVue [48] .
In summary, the effects of ambient pressure on imaging intensity can be significant, depending on the type and location of the vessels and the type of imaging mode. Given that the large variations in blood pressure are more likely to exist in large arteries, the effect can be reduced if ROIs are chosen to avoid such vessels.
3.1.2. Effects on diffusion/destruction. De Jong et al. [49] observed that albumin bubbles tend to shrink and disappear if a hydrostatic pressure of about 0.2 atm (20 kPa) is applied. This disappearance is attributed to passive dissolution. Shapiro et al. [50] observed similar effects. In Moravi et al. [46] , an 8 per cent decrease in video intensity over 25 heart cycles owing to bubble destruction was observed. In Vuille et al. [51] , Albunex bubbles were suspended in saline solution and imaged at 2.5 MHz; the rate at which contrast disappeared was greater at higher pressures by multiples of two, three and nine, respectively, for the 0.06, 0.13 and 0.19 atm (6, 13 and 19 kPa) measurements. Further, it was seen that the contrast reduction was an irreversible process. Gottlieb et al. [52] and Brayman et al. [53] reported similar observations.
Under conditions where blood pressure may be subject to local fluctuations, the effect may influence bubble persistence and in turn image intensity. For example, it has been found that left ventricular opacification can be significantly reduced in patients with reduced cardiac output caused by heart disease [54] . The specific cardiac conditions underlying the reduced output in the study included mitral and tricuspid regurgitation, atrial fibrillation, systolic dysfunction and pulmonary hypertension, perhaps suggesting that local spikes in blood pressure destroy the circulating bubbles, in turn reducing image contrast. However, it should also be considered that pressure may not be the sole mechanism for the effect, since high local shear forces may also be generated, which would also result in enhanced bubble destruction. Furthermore, it is not clear how much variation in heart rate would affect the bubble destruction and further study is needed.
Physiological interaction of the body with bubbles
Once injected into the human body, the interaction of circulating gas bubbles with the patient's physiological environment may also influence quantitative imaging. There are four dominant mechanisms widely acknowledged to be capable of influencing image intensity and transient contrast imaging: filtration of bubbles by the lungs, phagocytosis of bubbles by the reticular endothelial system (RES), recirculation of bubbles within the circulation and alteration of the local gas concentration gradient owing to inhaled anaesthetics. Each of these factors is discussed in more detail below; however, although each has received some attention from the research community, this has primarily been in the form of pharmacological characterization of the agents, while their effect on quantification is still barely understood. This section therefore comprises further explanation of the mechanisms involved, and discussion of the qualitative evaluation available.
Lung filtration.
The influence of lung filtration on bubble size distribution and concentration is well recognized [49] . An early investigation using modelling to investigate the lack of detectable linear backscattering from bubbles in the myocardium concluded that the filtration of larger bubbles by the capillaries of the lung strongly influences the detected signal [41] . The effect has also been confirmed in vivo using intravital microscopy of rodent models to compare the effect of intravenous and intra-arterial injection of Definity bubbles. Following intra-arterial injection, used to model pulmonary filtration, large bubbles became trapped (1.2 + 0.1%), while trapping was negligible owing to a lack of large bubbles following intravenous delivery, suggesting bubbles reaching the ROI had previously been subject to filtration in the lungs owing to their sizes [55] . It is likely that the effect of this filtration is to reduce bubble numbers, particularly the number of larger bubbles (greater than 10 mm in diameter), as illustrated in figure 5 , while also lowering the overall bubble concentration. Consequently, the acoustic signal and dissolution kinetics of the bubbles that remain in circulation will be influenced. In addition to filtration, the passage of bubbles through the lungs and exposure to blood at low pressure with a high oxygen and nitrogen concentration can cause diffusion of these gases into the bubbles as they pass through the pulmonary circulation [57] . While this gas will later diffuse out as local conditions within the systemic circulation change, the immediate effect will be to increase the number of large bubbles, which may in turn increase the influence of lung filtration.
Thus, the passage of bubbles through the lungs changes both bubble concentration and size and could introduce variations in quantification, especially when multiple doses are applied to the same patients when the physical and physiological conditions of the lung could have been altered by the previous injection. This is further discussed in §3.2.2 on possible phagocytosis of bubbles in the lung. Furthermore, lung filtering has important implications for the comparison of in vivo and in vitro experimental results [58] .
Phagocytosis.
A number of commercial contrast agents have demonstrated a 'late phase' in the parenchyma of the liver and spleen [59 -61] . In general, this 'late phase' describes an enhancement in contrast that occurs more than 5 min after IV injection of the contrast agent. It has been suggested the effect may be attributed to slower bubble travel in the liver sinusoids [62] and the phagocytosis of certain contrast agent bubbles by the RES [63] , with the macrophages of the liver (Kupffer cells) playing a dominant role in phagocytosis for Sonazoid and Optison [64] . The bubbles remain acoustically active even once phagocytosed for up to 2 h post-administration [65] , strongly influencing the ultrasound signal intensity. As a result, late-phase imaging has been used to detect small hepatic malignancies [66] , and alongside TIC measurements to provide a means of assessing the transient kinetics of the liver and therefore its associated pathology [67] . The association of the 'late-phase signal' with inflammation also offers the potential for imaging other disease states, such as atherosclerotic plaque inflammation [61] .
A number of studies have indicated that the type of the contrast agent dictates the extent and duration of uptake [63, 64, 68] . Maruyama et al. [68] attempted to quantify the differences in the TIC generated by two contrast agents, Levovist and Definity, in rabbits. They revealed that while the signal intensity remained broadly similar over time in the portal vein for the two agents, there was a significant increase (up to four times greater) in the signal intensity for Levovist over Definity in the liver parenchyma. Yanagisawa et al. [64] performed a more comprehensive study of several contrast agents in vitro to determine that Sonozoid and Optison showed much greater uptake (99%) than Levovist (47%), SonoVue had the second lowest uptake (7.3%) and Imavist showed no uptake. In contrast to the other agents investigated, the uptake of SonoVue in this in vitro investigation was not sufficient to influence ultrasound image intensity at the concentrations employed. In another study, it was observed that irradiation owing to radiotherapy can significantly reduce the phagocytosis of Levovist microbubbles, probably owing to the damage to the Kupffer cells and the vascular endothelium [69] .
The impact of bubble phagocytosis may extend beyond influencing the gradient of the TIC and impact on signal intensity. Bubbles that persist once phagocytized by Kupffer cells in vitro have been shown to respond differently under ultrasound insonation owing to oscillation damping when compared with those that remain outside the cells [70] . Using the same ultrasound parameters as a clinical study, bound bubbles were also found to be more stable under insonation than free bubbles. The impact of these phenomena on the quantitation of bubbles and how this relates to liver pathology need to be more fully understood. For example, while the time scales of the so-called vascular and Kupffer phases are established (figure 6) [65] , quantification of the effect of tissue malignancy and inflammation, which will influence Kupffer cell density, on the latter phase has not been thoroughly investigated. Further, if a large proportion of the bubbles injected is retained in the liver, then this will alter the concentration of freely flowing bubbles elsewhere in the body and must be accounted for.
Finally, the effects of phagocytosis in the lung are thought to be involved in the increase in contrast sometimes observed during a second contrast agent injection. Skrok [71] performed a quantitative investigation into the effect of a second injection on liver and aorta enhancement in healthy volunteers. The second injection, administered 12 min after the first and following complete disappearance of the enhancement showed a 5 + 1.5 dB increase in peak intensity and the signal remained at least 3 dB greater than following the first injection for the remainder of the study. They hypothesized that the increase in intensity was caused by saturation of pulmonary macrophages by the first injection, leading to increased signals from the second.
Recirculation.
Early research by Uchimoto et al. [72] suggested that the majority of Levovist bubbles circulate through the body's vasculature in the same way as red blood cells, without retention; thus, a bubble could circulate around the body in just less than a minute under normal resting conditions. Later this finding was confirmed for other contrast agents [55] , and therefore the influence of bubble recirculation on any TIC measurements made using either bolus contrast agent administration or constant infusion should be considered. The effect of recirculation on the TIC would manifest itself as a small increase in contrast intensity approximately 60 s following the start of agent administration. However, the extent of the effect of recirculation remains difficult to quantify. One confounding factor is the gradual spatial spreading of the contrast agents within the vessels over time.
In case of a bolus injection, while recirculation is likely to influence the tail of the TIC [34] , the change is likely to be smooth and gradual and hence difficult to identify because the bolus profile would in any case gradually spread out becoming 'wider' and 'flatter' after the initial circulation. A similar phenomenon exists in the case of constant infusion of contrast agents, except that spatial spreading only occurs at the front of the infusion profile, potentially causing fewer problems. Furthermore, for constant infusion with destruction and reperfusion, the time scale of the reperfusion is usually short and the recirculation of bubbles would not affect the shape of the TICs to a great extent but rather add a constant bias. The effects of recirculation are further confounded by the gradual decay of bubbles over time, which is discussed in §4.1.2. In terms of the relative significance of the recirculated bubbles, further studies are needed to compare the concentration of the recirculated bubbles with that at the tail of the initial bolus in the case of a bolus injection, or with that of the newly infused bubbles in the case of a constant infusion.
To address the problems associated with recirculation, some researchers have considered for bolus injection only the wash-in phase of the curve [33, 34] , or limited the time window post-injection during which scanning takes place [66] .
Anaesthetics.
The administration of anaesthetics during contrast imaging can influence the TIC in two ways, firstly through the pharmacological effects of the anaesthetic itself and secondly, in the specific case of inhalation anaesthetics, through the influence of the inhaled gases on local blood gas concentration and hence on gas diffusion between bubbles and the environment. In the latter, alterations in the local blood gas concentration caused by the anaesthetic or co-administered gases, such as air or oxygen, will alter the size distribution and therefore the echogenicity of the contrast agent suspension, a dominant factor influencing quantitative measurements. Mullin et al. [73] looked at the effect of changing the carrier gas used during isoflurane anaesthetic administration in rats and found medical air improved bubble stability by 3.3 + 1.5 times when compared with pure oxygen during imaging. The influence of local gas concentration on bubble behaviour and on the TICs is discussed in more detail in §4. 4 .
Several investigators have identified the pharmacological effect of vasodilation in association with anaesthetic use [74] [75] [76] . Nyman et al. [76] investigated the influence of the IV-administered anaesthetic Propofol on ultrasound contrast imaging of dogs; those treated with the anaesthetic demonstrated a faster time to peak intensity (46.3 s) than those without anaesthetic (34.6 s), with the difference attributed to the vasodilator effect of the anaesthetic used. Vasodilation will alter local blood pressure and heart rate, each factors identified in previous sections as influencing quantitative imaging. As above, the effect is also commonly associated with, though not restricted to, the use of inhaled anaesthetics [74, 75] , making it particularly relevant to in vivo animal studies where inhaled anaesthetics are widely used.
Tissue motion
A TIC is extracted from a time series of images by taking the pixel intensity or the averaged pixel intensity of the corresponding regions from every image in the series. This requires correction for any tissue movement during the acquisition so that spatial correspondence for pixels or regions between image frames can be properly established. Tissue movement can be caused by a pumping heart or patient breathing. Effects of such movements on the TIC can be seen in figures 2 and 7, where the signal oscillations were mainly caused by tissue motion. The amplitude of variation strongly depends on what kind of features move in and out of the ROI. For example, a large vessel full of bubbles moving in and out of the ROI could cause intensity variations of hundreds of per cents.
Various motion correction algorithms are available that can deal with translation, rotation or non-rigid deformation of tissues. While most quantification packages have already incorporated such algorithms, they are only able to deal with in-plane motion. Outof-plane motion means different tissues are imaged at different times, and this type of motion is impossible to correct for with scans on only a single plane. One way to deal with this is to track the motion and only use a subset of the image sequence that corresponds to the same anatomical cross section. This can be done either by using ECG gating for cardiac motion, or by identifying some anatomical landmark(s) within the images as a marker of a certain anatomical cross section since out-of-plane motion can cause the landmarks to disappear in the image [34] . However, such methods have drawbacks. For example, they reduce the number of imaging frames that can be used; the landmarks may not always be available. To completely solve this problem, image acquisition and registration needs to be done in three dimensions (or four dimensions if time is counted as another dimension). In addition, it has been shown in the quantification of perfusion in the kidney that comparing with two dimensions, imaging and quantification in three dimensions can significantly reduce the variations for an inhomogeneous perfusion volume [77] .
Tissue attenuation
TIC measurements for a specific ROI are directly influenced by the attenuation properties of the medium the acoustic wave traverses to reach it. For example, two regions containing similar bubbles may have a different peak and shape of the TIC owing to differences in the propagation path. Leinonen [78] has reported a significant decrease in the peak intensity of the TIC as the depth (as well as the size) of the ROI increases. Attenuation properties for human tissues have been well studied in the past and reference values are available [79] , but values vary significantly with tissue type and across the population, and may also be influenced by pathology [80] . The presence of bubbles adds further to the attenuation [81, 82] , with the extent dependent on the bubble concentration within the organ of interest and the tissues preceding it. In the cardiac chambers, for example, attenuation can be up to 10-20Â greater than within the soft tissues [83] . Similarly in the liver, where blood constitutes approximately one-third of the volume, bubbles may contribute significantly to the attenuation. The attenuation by both tissue and bubbles are frequency dependent. While tissue attenuation increases with frequency, bubbles attenuate most at the resonance frequency.
If not properly compensated for, attenuation can cause large variations in signal intensity and therefore influence the peak of the TIC. Although timing indices such as peak time are generally less affected by attenuation (and other factors affecting intensity), timevarying attenuation owing to the passage of excessive amount of bubbles in the overlaying tissue could alter the shape of the TIC and affect the timing indices as well [81] . It should be noted that owing to the logarithm compression of the ultrasound images, significant variations in TIC could still exist even when two regions visually appear similar. Such an example is shown in figure 7 .
In clinical ultrasound scanners, the attenuation is partly compensated for through the adjustable time gain compensation (TGC) control. Yano et al. [84] reported that attenuation as high as 15.8 dB (approx. 40 times) within parts of a normal myocardium could be corrected through an image calibration technique to an average of 6.3 dB. However, the manual method proposed was labour intensive and required an experienced operator. In most clinical imaging systems, such adjustments can be made manually but this introduces additional operator-dependent variations and can make it difficult to handle changes in attenuation in real time. Existing automatic TGC functions on the other hand are limited in their applicability to quantification since they are optimized for visualization rather than quantification, and no clinical imaging system currently implements compensation that accounts for the unique nonlinear attenuation generated by bubbles.
The attenuation owing to bubbles is known to be nonlinear with respect to ultrasound amplitude [25, 26, 85] . Recently, a number of promising algorithms specifically designed for correcting attenuation in contrast-specific ultrasound images have been reported [82, [86] [87] [88] [89] , and the value of these attenuation correction algorithms in clinical applications needs to be further validated.
3.5. Nonlinear propagation 3.5.1. Nonlinear tissue propagation. Another factor influencing the TIC for a given ROI is the nonlinearity of the overlaying tissue. As the pulse propagates through tissue, it can be distorted and part of the pulse power is transferred from the fundamental transmitting frequency to higher harmonics. However, nonlinear propagation in tissue without contrast enhancement has been shown to be insignificant at the relatively low MIs (less than 0.1) typically used clinically [90] .
Nonlinear bubble propagation.
It has been shown that even at an MI as low as 0.05, which is almost the lowest MI achievable in a clinical scanner, significant nonlinear propagation can occur within a bubble cloud of a relatively low concentration [90] . This has been shown to cause two types of imaging artefacts [32] . Firstly, tissue is misclassified as bubbles and secondly, bubble concentration is misrepresented. While the former type seems to be the most important and has been reported both with laboratory phantoms [32, 90, 91] and clinically [92] and could lead to misdiagnosis, the latter type could also become significant when the driving frequency is away from the resonance frequency of the bubble population, e.g. in highfrequency imaging where only a small proportion of the population undergo nonlinear oscillation. A clinical example of the former type of artefacts owing to nonlinear propagation is shown in figure 8 .
A few recent papers have been dedicated to the development of nonlinear artefact correction methods [93] [94] [95] . These methods all use driving signals containing harmonic components so that these signals will cancel those generated by nonlinear propagation. However, these methods are only effective locally within a certain depth range and could cause additional artefacts elsewhere in the image. On the other hand, models for nonlinear propagation through a bubble population could lead to a model-based strategy to correct the nonlinear artefacts. However, existing models do not agree well with experimental data and their implementation can be computationally expensive
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BUBBLES AND HANDLING
Bubble type
As discussed in §1, there are a number of different bubble agents available for clinical use (table 1) and an even greater number under development for research purposes. These agents differ both in terms of their composition and size distribution, which are the key properties determining their behaviour in vivo and hence their acoustic properties for perfusion studies. Most important is the effect of the bubbles on the scattering and attenuation of ultrasound in the tissue in the ROI, but transit properties, such as arrival time within an organ [99] filtering to produce subpopulations [100] and persistence will also influence perfusion measurements. The physical characteristics of the bubbles will also determine the extent to which they are influenced by conditions in vivo, which may further influence their acoustic response. The significance of each of these factors requires careful consideration for the further development of quantitative imaging techniques.
Bubble size and coating.
The key requirement for quantitative imaging is the accurate definition of the relationship between measured backscattered ultrasound intensity and the population of bubbles within the ROI. An essential step is therefore to establish the bubble size distribution, e.g. through a Coulter counter [101] or under a microscope [102] , since this is the main determinant of the acoustic response [103] . Currently, all the commercial agents have broad size distributions and the mean size differs significantly between agents, making comparison of quantification using different agents difficult. Even for the same agent, the way it is reconstituted prior to administration may introduce significant variations in both size and concentration owing to, e.g. manual shaking of vials. Such variations during reconstitution, together with further variations caused by administration and the physical and physiological conditions in the immediate environment (cf. §3), means the size distribution of commercial agents provided by the manufacturers does not provide a sufficiently accurate indication of the bubble size distribution in vivo.
The bubble coating is a further important factor determining the acoustic response [91] . Its effective mechanical properties, which are typically characterized in terms of an elastic and viscous resistance, determine the bubble resonance frequency, amplitude and linearity of oscillation. Studies of Albunex, an air-filled forerunner of Optison, show that the stiffer albumin shell limits its response to ultrasound when compared with the lipidshelled agent Definity [104, 105] . Similar results are also reported in a comparison between Levovist and Definity [106] . Accurate, repeatable characterization of coating properties has yet to be demonstrated, however, and the existing data indicate that there is a considerable degree of variability within a given bubble population [107] ; figure 9 shows significantly different behaviour of two Sonovue bubbles of a similar initial diameter, indicating significant difference in their coating. This represents a further source of uncertainty in the interpretation of the backscattered signal.
In addition to the mechanical properties of the bubble shell, its characteristics can also influence biological interaction. Fisher et al. [108] demonstrated that the surface charge of the bubble shell can influence passage through the circulation and retention, and most lipid-shelled bubble contrast agents include a polyethylene glycol component to improve biocompatibility, reduce detection by the RES and prevent coagulation. The commercial contrast agents currently available are the result of a considerable and on-going body of work relating to the optimization of shell materials and additives. Several research groups have contributed to this body of knowledge [109] [110] [111] [112] .
Stability and time-dependent behaviour.
The initial bubble size distribution and concentration will be affected by the handling and administration of the contrast agent as described in §4.2. Once injected, these will also be subject to change, as will the properties of the bubble coating. The relationship between the backscattered signal and bubble population will thus be a function of time, which may in turn make it difficult to compare images acquired at different times. Figure 10 shows an example of a simple attenuation measurement for a gently stirred Sonovue suspension measured over 30 min in vitro.
Over relatively long time scales (minutes), the change in the bubble signal may be related to diffusion of the encapsulated gas into the surroundings. The first contrast agents (e.g. Albunex, Levovist) contained air and were relatively short-lived in vivo. Current commercially available agents use higher molecular weight gases such as perfluorocarbons (cf. table 1) that diffuse more slowly while having a negligible effect upon the acoustic response. Modelling has been used to show that Optison actually expands owing to adsorption of air from the surrounding liquid until a concentration balance is achieved, following which the bubble dissolves [113] . The presence of the bubble coating provides a barrier to gas diffusion and reduces the interfacial tension at the bubble surface. Bubble stability is thus improved if the shell has a low gas diffusivity coefficient, and the gas core a low saturation constant and high density [114] . Numerous studies suggest the improved stability of lipid-shelled agents, through better prevention of gas dissolution, over those with a protein shell [100, 105, 115, 116] . Recent studies have demonstrated that changes in bubble population are strongly correlated with the environmental conditions, specifically pressure, temperature and dissolved gas concentration [117] . Laboratory characterization should therefore be performed under conditions as close to those encountered in vivo as possible. Moreover, as discussed in §3, biological interactions may also produce significant changes in the bubble population. Changes in the bubble coating may occur both on the same time scale as gas diffusion, and also on the time scale of the acoustic pulse. In the case of lipid-coated bubbles, the latter is thought to be related to 'pinching off' or shedding of surplus coating material and effect has been demonstrated for both undriven [112] and driven bubbles [110] . For protein-coated bubbles, studies of Optison destruction indicate shell fragmentation occurs, followed by rapid dissolution of the now unencapsulated gas. Similar results have also been shown for polymer-coated bubbles [118] . The extent to which bubble destruction occurs will clearly depend upon the intensity of the ultrasound field and duration of exposure, with frequencies close to the bubble resonance and high intensities producing more rapid changes in the population.
Injection and handling
The methods used during the injection and handling of bubbles have been demonstrated to influence their physical properties, and this could influence their acoustic behaviour during quantitative imaging. The influence of repeated administration of the contrast agent on image intensity is addressed in §3.2.2, while this section focuses on the influence of injection and handling on a single dose of bubbles. Contrast agent suspensions come in a variety of different storage formats and require reconstitution through manual shaking (e.g. SonoVue; Sonazoid), reconstitution using a shaker (Definity/Luminity) or resuspension (e.g. Optison), as directed by the manufacturer, immediately prior to use. Once prepared, the size distribution, stability and concentration of the suspension can be influenced by several factors.
Contrast agent suspensions are normally used within between 30 min (e.g. Optison) and a few hours (e.g. Sonovue) of preparation with storage following activation leading to degradation and both loss of concentration and alteration of the size distribution. The effect can be exacerbated if the bubbles are kept in a heated environment, since raising the temperature above room temperature is known to influence the bubble stability and size distribution [117] as above. Bubble buoyancy means that suspensions must be re-suspended to ensure homogeneity immediately prior to use, and their susceptibility to local changes in pressure [119] means that vials should be vented using a sterile open needle or a pressure-controlling device (e.g. a MiniSpike in the case of Sonovue) during withdrawal to prevent destruction. The scale of the variations in contrast signals for sequential scans using the same agent vial has not been reported.
The diameter of the needle or the catheter and the method used for delivery (infusion or bolus) are likely to introduce potentially large errors in the administration of ultrasound contrast agents. Recent in vitro studies investigating the influence of the needle gauge on delivered bubbles found that reducing the needle inner diameter produced a large reduction in bubble concentration, as much as 99.9 per cent for needle diameters of less than 0.24 mm (less than 25 g) [120, 121] . Recent work within our own group found that in addition to the needle gauge, needle orientation and the time taken to administer the contrast agent had a significant impact on bubble size and concentration in vitro and in vivo [122] . To replicate bubble administration in vivo, bubbles were withdrawn into a syringe, which was held vertically for 20 s to allow air bubble removal, and then horizontally for 20 s to simulate needle positioning for intravenous injection before the suspension was expelled for analysis. Delivery with a 29 g rather than a 25 g needle resulted in a reduction in the bubble delivered of over 30 per cent and 9 per cent reduction in mean bubble diameter. The effect of needle gauge is most relevant in pre-clinical investigations using small animals, where small gauge needles and catheters are required. However, the effects of needle orientation will impact both pre-clinical and clinical administration alike. Further, for bolus injections, the injection rate and the dose of bubble suspension delivered are most likely to significantly influence the accuracy of quantitative imaging. An investigation comparing two injection rates in mice indicated that the faster the injection rate, the greater the peak magnitude for TIC, and faster the time to peak for TIC and maximum intensity over time [123] , as illustrated in figure 11 . For constant infusion, a recent investigation of the influence of infusion rate on perfusion estimates in rats revealed that low bubble concentrations (which in this case occurred as a result of a low infusion rate but may equally apply to bolus administration) resulted in a greater measurement bias, but this could be overcome by increasing the infusion rate [77] . However, the study was conducted using rats, so specific infusion rates for use in humans were not established. So far, to the authors' knowledge, there has been no report of a direct experimental comparison between bolus injection and constant infusion in terms of variations in quantification. In theory, constant infusion studies would be expected to suffer from less variability, since the contrast agent is commonly administered by an infusion pump in this case while bolus injections are commonly administered manually. This hypothesis does however require substantiating with clinical data.
Finally, although not common in clinical practice, dilution of the bubble suspension prior to injection is common in laboratory experiments, either in saline or for co-injection purposes. This may alter the gas concentration of the suspending fluid and therefore the size distribution and stability of the bubbles [124] [125] [126] .
Dosage
The use of bubbles for quantitative imaging relies on the assumption that there is a linear (i.e. directly proportional) relationship between echo signal intensity and bubble concentration. A number of studies have demonstrated such a linear relationship [39, 40] at relatively low doses. However, at high doses, two phenomena will affect this relationship: multiple scattering and attenuation.
The dynamic interactions that occur between ultrasound and bubbles can give rise to an effect known as multiple scattering, whereby the sound waves scattered by one bubble will affect the oscillation and hence scattering from its neighbours. This will alter the echoes obtained from highly concentrated bubble populations and make the relationship between concentration and signal intensity nonlinear. The effect is dependent on the number of bubbles that are acoustically active in the sound field [127] , and therefore the effect is particularly relevant at high bubble concentrations and at high mechanical indices. In vivo, assuming uniform distribution throughout the circulation, concentrations of approximately 10 4 -10 5 bubbles ml -1 would be expected, for which it is justifiable to neglect multiple scattering. When a contrast agent is injected as a bolus, however, the validity of this assumption has not been verified.
In addition, attenuation owing to high concentrations of bubbles can reduce the signal intensity produced from bubbles deeper within the image plane. In the absence of a proper attenuation correction technique, this can also cause a nonlinear relationship between concentration and signal intensity.
In a recent paper, Lampaskis & Averkiou [128] used a flow phantom to study the relationship between the clinically relevant contrast agent dose and image intensity for the contrast agent SonoVue. The relationship remained linear from 0.004 to 1 per cent in gas volume fraction, before becoming nonlinear and finally reaching a plateau at around 2 per cent. The study was conducted at a low MI (0.05) using a clinical scanner (iU22, Phillips Medical Systems) and the saturation attributed to attenuation and signal limiting owing to the gain and compression settings of the imaging system.
Gas concentration effects
The diameter and stability of bubbles within the circulation are strongly influenced by the dissolved gas content of the fluid that surrounds them [126, 129] . The use of higher density gases, e.g. perfluorocarbon gasses, as used in most commercial preparations, is intended to retard the effect of gas transfer between the bubble core and the environment. However, while this has been demonstrated to improve persistence, bubbles remain highly vulnerable to variations in the gas saturation of the surrounding fluid. In vivo, the concentration of gases within the blood plasma generally remains approximately constant; however, oxygen saturation varies greatly around the body-generating conditions for both bubble expansion owing to gas influx (and low blood pressure) in the pulmonary circulation, and contraction owing to gas escape in the peripheral circulation. These effects are further influenced by the solubility of the stabilizing shell material and will therefore vary with the agent. Nevertheless, for a particular contrast agent, the influence of gas saturation, in the absence of any mitigating circumstances (e.g. inhaled anaesthetics, alterations to blood pressure), will remain approximately similar during each administration in vivo, while the effect of gas saturation during in vitro investigation can introduce considerable variability and should be carefully controlled.
CONCLUDING REMARKS AND FUTURE DEVELOPMENT
Exciting advances have been made in CEUS imaging in the past two decades, particularly in developing better agents, understanding the complex interaction between the agents, the ultrasound and the in vivo environment, developing techniques to generate images of remarkable quality and demonstrating a wide and continuously expanding range of clinical applications that could benefit from this technique.
As a unique means of visualizing and quantifying vascularity and tissue perfusion, CEUS offers many significant advantages over existing imaging modalities such as CT and MRI. However, the clinical value of this technique is compromised by the relatively large variations in the imaging and quantification results. It is of crucial importance that this issue is addressed
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In this review, we have examined a wide range of factors that could contribute to the variations in contrast image intensity, including scanner settings, patient factors and bubble properties and handling. Factors in each of these categories can cause large variations in quantification results. Some potential ways of reducing the variation for individual factors have already been discussed, but to fully address this problem, a systematic approach is needed to tackle these factors.
Some empirically based methods have already been reported to reduce variations in quantitative contrast ultrasound. One is to standardize the data acquisition and processing protocols [130, 131] . Such protocols include, e.g. fixing all scanner parameters and always using the same operator/procedure for bubble handling etc. [17] . Although these measures can effectively reduce the variations to a certain extent, they cannot deal with those caused by physiological or pathological variations of the patients. For example, if one patient has a more attenuating liver, a different acoustic window, a higher blood pressure or a lesion of interest deeper in the body than another patient, fixing the scanner settings would not be able to reduce the inter-patent variations. The other method to remove unwanted variations from nonlocal sources is the normalization of areas of interest (e.g. cancer) with neighbouring normal tissue as reference. Ideally, if the neighbouring areas are chosen to be close enough to the ROI, confounding factors such as attenuation, acoustic field geometry, the way bubbles are injected and handled and non-local patient factors that affect both the target area and the reference area could potentially be reduced or even removed. The normalization results become a ratio of the bubble concentration between the ROI and the reference region. However, this approach is significantly affected by operator expertise in choosing the reference regions, and this manual procedure itself introduces additional variations to the results. For example, the results would be very different if the reference region contains relatively large vessels or contains abnormal tissue.
Currently, imaging and quantification of bubbles are complicated by the fact that bubbles injected in the body have a wide range of distributions in terms of size and coating parameters, which are largely unknown. They also change over time owing to the factors discussed in this paper. This is further complicated by the fact that bubbles with different properties may change in different ways. New developments in the fabrication processes to generate more controlled bubble properties could open up new ways of addressing many of the issues. So far, significant efforts have been made to manufacture bubbles with a very high degree of control over bubble uniformity in terms of their size and coating properties [132] [133] [134] . This would potentially help the accurate prediction of the acoustic response of a bubble population exposed to ultrasound given specific scanner settings. Furthermore, these bubbles could be better suited for the measurement of in vivo environmental variables such as blood pressure, and hence lead to ways to reduce or remove their effects on quantification.
In the past two decades, the advances in the clinical applications of CEUS have been powered by advances in basic understanding of microbubble physics and technological developments, in particular in the areas of ultrasound system and transducer design and signal processing. This will certainly continue to be the case in the future. Through the deepening of our understanding of the sources of variations in quantitative CEUS, and the development and application of techniques to address them, the clinical application of CEUS will undoubtedly go far beyond what has already been achieved. Figure 11 . Influence of injection rate on the maximum intensity over time (MIOT) (a,b) and TIC (c,d) for two injection rates: 50 ml over 2 s (a,c) and 50 ml over 10 s (b,d) [123] . Note, the flow rates used relate to 1.5 and 0.3 ml min -1 , respectively. Reprinted from [123] Eur. J. Radiol. V75, Socher, M., Hauff, P., Bzyl, J., Semmler, W., Gü nther, R. W. & Kiessling, F. Comparison of conventional time-intensity curves vs. maximum intensity over time for post-processing of dynamic contrast-enhanced ultrasound. e149-e153, Copyright (2010), with permission from Elsevier.
